Yamamoto, Shimizu, Obi, & Ando, 2009 ), which could have played a role in causing mal-remodeling under abnormal mechanical forces to lead to CCM. These implies that it may be possible to perform fetal surgery to treat CCM: by restoring the native mechanical environment and coaxing normal development. As opposed to post-natal surgery, fetal surgery holds the promise of tapping into the regenerative ability of the foetus for restoring functional anatomy, and may produce better outcome. In fact, fetal surgery is beginning to be implemented at well-qualified centers with signs of success (Kohl et al., 2000; W. Tworetzky et al., 2004) . In order to assist with the success rate of fetal surgery, it is important to understand the details of how the human fetal cardiovascular system responds to changes in the mechanical forces of blood flow, and thus important to study the flow mechanics in both normal and malformed human fetal hearts.
Computational Fluid Dynamics (CFD) is a suitable technique for the investigation of fluid mechanical forces of the heart chamber. In the past, studies have elucidated the patterns of blood flow in human adult ventricular chambers (Le & Sotiropoulos, 2012; Mihalef et al., 2010; Schenkel et al., 2009 ), using patient-specific non-invasive clinical scans, such as MRI and CT. These studies have shown that ventricular filling is dominated by the formation of vortex rings due to inflow through the atrio-ventricular heart valve, and that abnormal characteristics of the vortex ring could be correlated with heart diseases, and could thus be used to gauge the health of the heart (Pedrizzetti & Domenichini, 2014) . In the human fetus heart however, the usual scanning modalities of MRI and CT cannot be used to extract anatomy and ventricular wall motions to support CFD studies, since CT exposes the baby to ionizing radiation and is undesirable, and MRI requires gating to the fetus heart rate in order to have sufficient signal to noise ratio, and the gating is challenging. Ultrasound, which is the gold-standard scanning modality in evaluating fetus health clinically, must thus be used in image-based CFD studies.
In the current study, we developed methods for performing CFD simulations of human fetus hearts, based on 4D patient-specific ultrasound scans. We apply this technique to a 20-weeks old fetus right ventricle as a demonstration of feasibility of the technique.
Methodology
The method described in this section was used on the right ventricle of a fetal heart. The same principle can still be applied on other part of the heart. The study protocols were approved by the Domain Specific Review Board of the National Health Group (Singapore) and written informed consent were obtained from all participants.
Data Collection
4D Ultrasound images are taken during fetal routine check at 20th week of gestation. Acquisitions were made using the Voluson 730 ultrasound machine (GE Healthcare, Little Chalfont, UK) attached to the RAB 4-8L transducer (GE Healthcare, Little Chalfont, UK), which had a frequency range of 4 -8.5 MHz. Images were acquired in 4D under the Spatio-Temporal Image Correlation (STIC) mode. In this mode, the ultrasound transducer is automatically swept over the region of interest slowly so that a large number of 2D ultrasound scans can be obtained over space and time over multiple heart beats. The images are then converted into multiple 3D volume images at different time points over one cardiac cycle, via spatial and temporal correlation between images, which is guided by periodic image features of the beating heart (DeVore, Falkensammer, Sklansky, & Platt, 2003; Paladini, Vassallo, Sglavo, Lapadula, & Martinelli, 2006) .
In our images, the sweep occurs over 10-15 seconds, and the frame rate of STIC imaging was 70-90 frames per seconds, thus giving 29-37 volume images for 1 cardiac cycle. The 4D image files are then extracted using 4DView software (GE Healthcare, Little Chalfont, UK) for processing.
3D Reconstruction
The 3D reconstruction process is summarized in figure 1a . Ultrasound volumetric images at each time point was first exported as a stack of 29 image slices, with each image slice parallel to the 4 chamber view of the heart. The image slices were spaced at 0.7mm, and covered the entire heart. On each image slice, we segmented the blood spaces from tissue spaces using a lazy snapping algorithm, and then the stack of binary images was reconstructed into 3D models. The lazy snapping algorithm is explained by previous authors (Li, Sun, Tang, & Shum, 2004) , and was performed with a custom-written C++ code. It was a semi-automated slice-by-slice segmentation algorithm, where the user was prompted to specify spaces for inclusion and exclusion, by dragging the mouse over these spaces separately, as shown in figure  1b2 . Briefly, the algorithm uses sample points obtained through the mouse dragging to compute image intensity distribution for both wanted and unwanted spaces so as to accept or reject pixels. Further, the creation of a boundary between wanted and unwanted spaces was minimized by assigning a penalty in the computation. The resulting stack of binary images from the lazy snapping processing at same time point were then put together into a 3D image stack, and reconstructed into a standard template library format model (.stl model) using the open source software Vascular Modeling Toolkit (VMTK, www.vmtk.org). The process were repeated for image stacks from other time points. In total, 7-10 segmentations were obtained at different time points within one cardiac cycle. The surface of the 3D was then smoothed with Geomagic Studio® (Geomagic Inc., Morrisville, NC, USA).
Mathematical Modelling of Cardiac Chamber Wall Motion
The .stl model was converted into point clouds format, and used to compute the centroid of the heart. The centroid for all time points was then averaged to be the fixed overall centroid, which is assumed to be the origin of a polar coordinate system. The conversion between Cartesian coordinate and polar coordinate is given in Equation (1).
= cos sin , = sin sin , = cos
The wall motion can then be described as the radial distance (r) between the origin or centroid and the wall of the cardiac chamber, as a function of polar coordinates angle, and , and time, t. Using a custom written code in Matlab® (Mathworks Inc., Nattick, MA, USA), r was computed over 10 degrees interval in and from the nine 3D heart chamber .stl models across the cardiac cycle. This is denoted as ( , ∅, ). We then prescribe a mathematical equation to r, by assuming the decoupling of the variations over time and the variations over space:
Where ( ) is the characteristic waveform of wall motion over time, and ( , ) is the amplitude of motion, as a function of space. 0 ( , ) is the initial condition of r. To obtain the three component parameters , and 0 , we first obtain from velocity measurements at the inlets and outlets of the heart chamber. Following which, we can obtain and 0 through curve-fitting to . Equation (2) describes the change in wall geometry by radial displacement, however, it does not capture rotational displacement (torsion) of the wall.
Modelling Ω( )
From the principle of conservation of mass, the change in volume of a heart chamber is a direct consequence of the inflow and outflow of the chamber. For example, in the right ventricle, the amount of volumetric inflow through the tricuspid valve and the amount of volumetric outflow through the pulmonary valve determines how the volume of the ventricle is changing over time, since the tricuspid valve and the pulmonary valve are the only way for fluid to get in or out of the chamber. The characteristic wall motion waveform Ω( ), can thus be determined by the inflow and outflow from the heart chamber, which can be measured via Pulsed-Wave Doppler ultrasound. In the case of the right ventricle in our study, Pulsed wave Doppler inflow / outflow velocities were obtained from direct human measurements by Reed et al. (Reed et al., 1986) .
In our study, we first assume that the inflow and outflow boundaries did not change in their cross-sectional areas over time, and thus the velocity over time waveform has the same characteristics as the volumetric flow rate over time waveform: volumetric flow into / out of the right ventricle is thus modelled as follows:
Where Q was the volumetric flow rate into / out of the heart chamber, and were the Pulsed-Wave Doppler velocities at the tricuspid valve and the pulmonary valve respectively, and and were the cross-sectional area of the tricuspid inflow and the pulmonary outflow respectively, and is the Doppler angle error during measurements. Next we obtain the normalized volumetric flow waveform as:
Where:
From this form, we enforce the condition that the total amount of inflow per cycle must equal to the total amount of outflow, so as to obtain the value of E.
We could thus plot the characteristic volumetric flow waveform, as shown in figure 2(a). In our study, was found to be 0.40059, which is close to the literature value for the ratio of pulmonary area to tricuspid area of 0.3389 (Tricuspid area was obtained from (Rolo et al., 2010) while pulmonary area was approximated as a circle with diameter from (Ruano, Maeda, Niigaki, & Zugaib, 2007) ). The difference in these two numbers can be explained by Doppler angle errors during measurements.
With the successful modeling of the volume flow rate ̂( ), we can model the volume of the right ventricle over time (Vol(t)) as:
Where A was the amplitude of volume changes, B was the time difference between the STIC data and the Pulsed-Wave velocity data, and C was the time-averaged volume of the right ventricle. Through the curve-fitting of this mathematical model to volume information from 3D reconstructions from STIC imaging, we can obtain values of A, B and C. We used the differential evolution algorithm (Storn & Price, 1997) for the curve-fitting. The result of the curve fitting is illustrated in figure 2b. while outflow was plotted as negative. The scaling factor E in Equation (5) was applied to ensure that total inflow volume equals to total outflow volume. (b) Plot of volume of the right ventricle over time, and results of curve-fitting Vol(t) in Equation (7) with volume data from 3D reconstructions, so as to obtain parameters A,B, and C in Equation (7).
Finally, since wall motion is in the units of length per time, while volumetric flow rate is in the units of volume per time, we derived the 3 rd root of ̂( ) to obtain the characteristic wall motion waveform, Ω( ):
2.5 Obtaining ( , ) ( , ) was obtained through the curve fitting between (from Equation (2)) to , which was computed from the 3D reconstructions.
was sampled at interval of 10 o from 0 o to 180 o in direction and 0 o to 360 o in direction, resulting in 703 sample points obtained for the 3D model at one time point. This sample collection was repeated for all time points over the cardiac cycle. The amplitude of was then computed as the difference between the maximum and minimum value, giving the values of ( , ) as measured from the 3D reconstructed models.
We then proceed to model ( , ) in a mathematical form, so as to be able to specify wall motions in the CFD simulations. 2D Fourier fitting was used so that the cyclic nature of in the direction could be enforced easily. In the  direction, however, the value of at =0 o and =180 o corresponded to the two poles of the sphere-like heart chamber, and thus was not cyclic in this direction. The difference in the value of between =0 o and =180 o was modelled as a linear slope with respect to , which could be superimposed onto the 2D Fourier fitting equation. This linear slope function was deducted from the ( , ) values measured from 3D reconstructions before the Fourier fitting was performed, and was added back to the Fourier equation after the fitting was complete. During the 2D Fourier fitting only the first 5 frequency modes are taken to smooth the function. Figure 3 shows the results of the curve-fitting of the 2D Fourier function with the measured ( , ) values, showing a close fit with a R 2 value of 0.92, which is the advantage of using Fourier fitting. Fig. 3 Plots of as a function of and . Values of ( , ) obtained from 3D reconstruction of the right ventricular heart chamber were plotted as the point cloud, while the 2D Fourier fit of the point cloud is plotted as the continuous surface.
Simulation
Computational Fluid Dynamic (CFD) simulations were carried out with ANSYS FLUENT 16.0 (Ansys Inc., Canonsburg, PA, USA). Dynamic mesh CFD was performed, with the right ventricular wall motion was specified through the use of a User-Defined Function (UDF). Between time steps the UDF updates surface nodes with a factor, f, as follows:
Where f is expressed as:
Where ( ) is computed according to Equation (2):
Simulations were performed at 400 time steps per cardiac cycle, at approximately 0.001s per step, for 4 cardiac cycles. Only results from the last cycle was used, so as to remove any artefacts of initial condition specification. The convergence criteria was for all scaled residuals to be less than 0.0001. Generally, it takes 60-100 iterations in a time step to converge to this criteria. The heart was simulated for up to four heart beats.
The non-Newtonian viscosity of blood used in the simulations follows the Carreau-Yasuda model, with the same value of the constants that had been tested by (Cho & Kensey, 1991 ):
Where ̇ refers to the shear rate,  ∞ is the viscosity for a Newtonian model, 0.0035 Pas,  0 is the viscosity at zero shear, 0.056 Pas, and  and n are constants equivalent to 3.313s and 0.3568 respectively.
The specification of boundary conditions was as follows. During systole, the tricuspid valves was closed and the pulmonary valve was open, the boundary conditions was thus set to be a zero pressure outlet at the pulmonary valve, and a impervious wall at the tricuspid inlet. During diastole, the tricuspid valve was open and the pulmonary valve was closed, and thus the boundary condition was set to be a zero pressure inlet at the tricuspid valve, and an impervious wall at the pulmonary outlet. Figure 4 shows the results of the wall motion modelling. In the figure, 3D geometry of the fluid space in the fetal right ventricle is illustrated for various time points within the cardiac cycle. The left column shows the geometries computed by the UDF in fluent, modelled with Equation (2), while the right column shows the geometries segmented from ultrasound images. Generally, the mathematically modelled geometries showed satisfactory similarities to the segmented geometries. Fig. 4 3D geometry of the fluid space within the 20 weeks fetal right ventricle, over various time points within the cardiac cycle. Geometries in the left column were computed by the UDF, based on the model in Equation (2), while the geometries in the right column were directly segmented form the ultrasound images. A satisfactory agreement was observed between the two, thus validating the modeling methodology with Equation (2) The results of our simulations showed flow characteristics which were comparable to literature values, as illustrated in table 1, in terms of the maximum velocity and volumetric flow rates of inflow / outflow. Figure 5 shows the results of the simulations, in terms of the spatial pressure variations and wall shear stresses on the walls of the fetal right ventricle, and the vorticity dynamics within the ventricle. During systole, Pressures were observed to be higher at the apical regions than regions nearer to the outflow tract. This pressure gradient acted as the driving force to accelerate and drive out blood from the ventricle. The peak pressure gradient during systole was approximately 13Pa. This pressure is maximum at the early systole. Nearer to end systole, this pressure gradient decreases and was reversed, where the ventricle pressures become lower than that at the outflow boundary, which was the driving force behind the deceleration of outflow, leading to a complete stop. During diastole, as inflow occurs, a very small pressure gradient was established, where the ventricle's pressure was only slightly less than the inflow pressure. This pressure gradient was much smaller than that experienced during systole, because the velocities of inflow were smaller, and thus only a small pressure gradient was required to bring about inflow. Further, the apical regions of the ventricle had slightly higher pressures compared to the basal regions of the ventricle. This was because the apical regions were the stagnation points of the inflow velocities, leading to an elevation in pressure via Bernoulli's effect.
Results
In terms of vorticity dynamics, we observed that during diastole, the inflow through the tricuspid valve brought about a vortex ring around the inflow jet. Two distinct vortex rings could be observed, corresponding to the E-wave and the A-wave of inflow. These two rings were shed from the inflow boundary and traveled towards the apex. At around the mid-section of the ventricle, the two rings were observed to interact, and combine into a single vorticity structure. Further, diastolic vorticity in the ventricle did not dissipate away before the onset of systole, and some of the vortex structures were observed to be washed out through the pulmonary outflow, predisposing the outflow to have helicity in the flow.
In terms of wall shear stresses, we observed that during diastole, the wall shear stresses in the ventricle were mostly associated with the vortex ring formation caused by the inflow. Since the vortex ring contained faster moving fluid, as the ring gets close to the ventricular wall, it brings about higher shear stresses to that region of the wall. Diastolic wall shear stress were in the range of 0.4-1.2Pa. During systole, as flow is being converged onto the outflow boundary and ejected, high wall shear stresses were observed near to the outflow tract, in the range of 1.5-3.9Pa.
Discussion
In the current study, we present a new technique for performing dynamic mesh simulations of the ventricular fluid mechanics, based on patient specific ultrasound images. We have used this technique for simulating, for the first time, the fluid dynamics of the human fetal right ventricle.
Dynamic mesh simulations of ventricular flows have been attempted by various investigators in the past (Cheng, Oertel, & Schenkel, 2005; Domenichini, Pedrizzetti, & Baccani, 2005; Le & Sotiropoulos, 2012; Mihalef et al., 2010; Pasipoularides, Shu, Shah, Womack, & Glower, 2003; Saber et al., 2001; Schenkel et al., 2009; Watanabe, Sugiura, Kafuku, & Hisada, 2004) . All these previous attempts were performed on the adult heart, and there has been none so far in the fetus heart. All these previous work were on the left ventricle, and only one touched on the right ventricle (Pasipoularides et al., 2003) like in the current study. Some of these work were based on dynamic mesh simulations with specified wall motions (Domenichini et al., 2005; Le & Sotiropoulos, 2012; Mihalef et al., 2010; Pasipoularides et al., 2003; Saber et al., 2001; Schenkel et al., 2009) , such as was employed in the current study, while others performed fluidstructure interaction to include ventricular wall mechanics in the simulations (Cheng et al., 2005; Watanabe et al., 2004) . Further, out of these previous work, some investigators performed simulations based on idealized geometries (Cheng et al., 2005; Domenichini et al., 2005) , others have used geometries obtained from clinical imaging modalities, such as MRI (Le & Sotiropoulos, 2012; Saber et al., 2001; Schenkel et al., 2009; Watanabe et al., 2004) , CT (Mihalef et al., 2010) , and ultrasound (Pasipoularides et al., 2003) imaging. The current study utilized image guidance for wall motion quantification, and fall into the latter category.
The motivation behind studying the ventricular fluid dynamics of the fetus stems from evidence from both small animal work (Hogers et al., 1995; Hove et al., 2003; Tobita & Keller, 2000) and from humans (Wayne Tworetzky et al., 2004 ) that pre-natal fluid forces have an influence on development, and abnormal flow forces may play a role in causing congenital malformations. Hove et al. showed that the injection of microbeads into the heart tube of the zebra fish embryo resulted in the under-development of the downstream heart chambers (Hove et al., 2003) . Tobita et al. on the other hand, showed that the ligation of the chick embryonic left atria, which restricted flow into the left ventricle, lead to hypoplastic left heart syndrome in these embryos (Tobita & Keller, 2000) . Yap et al. demonstrated a constancy in the wall shear stress environments in mouse fetuses, suggesting the presence of a shear stress homeostasis, where the vascular grows and remodels according to wall shear stress magnitudes (Yap, Liu, & Pekkan, 2014) . In the clinic, Tworetsky et al. demonstrated, through minimally invasive intervention in human fetuses, that the relief of obstruction in the aortic outflow tract can avoid the development of hypoplastic left heart single ventricle outcome at birth (Wayne Tworetzky et al., 2004) . Collectively, these studies suggest that it is important to understand the fluid mechanical forces occurring the in human fetuses, such that a deeper appreciation of the pathogenesis of congenial cardiovascular malformations can be achieved, and subsequently, novel fetal surgeries can be designed to achieve better outcome.
To achieve fluid dynamics simulations of the human fetal ventricles, however, we must rely on ultrasound imaging for cardiac chamber anatomy and wall motions. This is because CT emits ionizing radiation, and is undesirable on human fetuses, and MRI required synchronization with the heart rate of the fetus baby, which to date, poses some challenge. Ultrasound is a quicker and cheaper scanning modality compared to MRI and CT, and is widely performed on human fetuses, thus providing easy access to data. Further, the temporal resolution of ultrasound is generally high compared to other modalities. However, ultrasound scans gives higher noise levels than CT and MRI, and poses challenges in terms of the accuracy of anatomy and wall motion quantifications. Flow simulations based on ultrasound imaging has in the past been attempted by Pasipoularides and co-workers (Pasipoularides et al., 2003) , although their study subjects were dogs instead of humans. Based on their results, it was also evident from the unevenness of their ventricular geometry, that the high noise level from ultrasound imaging presented a challenge in the process. The same applies to the current studies, and matters were exacerbated by the very small length scales of the human fetus hearts compared to adult dogs or humane hearts. High level of smoothing was thus required during geometric segmentation and motion quantification.
Our simulation have revealed interesting fluid dynamics in the right ventricle of the human fetal heart. We first noted that the fetal ventricular flow is dominated by the formation of two diastolic vortex rings, corresponding to the Ewave and the A-wave of the heart, similar to what was observed in adult hearts through simulations (Domenichini et al., 2005; Le & Sotiropoulos, 2012) , and through clinical imaging (Elbaz et al., 2014; Kilner, Yang, Mohiaddin, Firmin, & Longmore, 1993) . Ventricular vortex rings were hypothesized to be a useful marker for the health of ventricular flow, and abnormal features of the vortex rings were hypothesized to be an early marker for heart diseases (Pedrizzetti, La Canna, Alfieri, & Tonti, 2014) . This hypothesis may apply to the fetus heart as well, and warrants future investigation. Further, in our simulations, we have computed wall shear stresses in the ventricle to be in the range of 0.4-1.2 Pa during diastole, and higher wall shear stresses in the range of 1.5-2.9 Pa near the outflow tract during systole. Previous studies have reported that the wall shear stresses on the 19-38 weeks human fetus descending aorta to be in the about 2.2 Pa (Struijk et al., 2005) , which is in the same order of magnitude as our results. We note that even the fetal heart is trabeculated on its endocardial surface, and our reported shear stresses might not coincide with the shear stresses actually experienced by localized tissues. However, our reported values would be useful in providing boundary conditions for zoomed-in, small-scale CFD studies on flow over a trabeculated surface, which would then reveal actual shear stresses experienced by localized tissues.
Since wall shear stress is considered to be a major mechanism for fluid forces to influence tissue remodeling and biology, it is important to understand the wall shear stress environment of the fetal heart comprehensively. Studies on more hearts at varying stages of gestations is thus warranted in the future. Finally, since the fetal heart beats at about 2-3 times faster than the adult heart rate, there may also be significant differences in the fluid mechanical environment between the fetus heart and the adult heart, and is again, which again warrants future studies. In the current studies, we have developed methodologies for these future studies.
Limitation
The technique reported by the current study relies on ultrasound imaging for the CFD simulations. Currently, ultrasound imaging could only support limited image resolution, and subsequently, structures such as the ventricular trabeculation texture, papillary muscles and chordae tendineae could not be clearly discerned. The heart valves could be located during certain time frames, but its motion was difficult to track, since both the tricuspid and pulmonary valves opens / close rapidly, in less than 0.05 seconds (approximately 10% of the cardiac cycle). For these reasons, we have not included these structures in the simulation, which would have inevitably limited the accuracy of our results. For example, by modelling heart valves as instantaneous opening or closing of the CFD model's inlet and outlet, our model deviated from the pressure-driven more-gradual valvular opening and closing, causing errors in the velocity field near to the valves. However, we believe that some of the observations made are unlikely to change with or without these structures, such as the presence of vortex rings, the conservation of diastolic vorticity structures until ejection, and the order of magnitude of the wall shear stresses. Much previous work on adult ventricular fluid mechanics were performed with simlpifications such as ours. For example, several authors modelled adult ventricles without heart valves (Cheng et al., 2005; Lemmon & Yoganathan, 2000; Watanabe et al., 2004) , and their results still revealed much useful information. We thus view our current implementation as the first step in the scientific community's effort to understand fetal cardiac fluid mechanics, with much room for future improvements.
Under Equation (3), it was also assumed that the area of the annulus does not change over time which might gives additional error. However, this error can be considerably small: (Stewart et al., 1985) have reported that using the Doppler velocity alone with no consideration of valvular size changes over the cardiac cycle results in 6%, 2% and 11% errors in flow rate for the aorta, mitral valve and pulmonary arteries repectively (Stewart et al., 1985) . Further, from our ultrasound images, ventricular torsion could not be clearly observed or tracked. Currently, the extent of ventricular torsion in fetus has not been studied and is not known. A recent study reported difficulty for ultrasound to extract ventricular torsion details due to foetal's fast heart beat and small size and resolution limitation on ultrasound equipment (Germanakis & Gardiner, 2012) . Consequently, we have not modelled any ventricular torsion, which may again be a source of error.
These limitations warrant extensive further work in both clinical imaging and development of numerical techniques, which could not be included in the current study.
Conclusion
We have developed methods for performing CFD simulations of the fetal cardiac chamber, based on 4D patientspecific ultrasound scans under the STIC mode. Further, we demonstrated the feasibility of these methods by applying them on a 20-weeks old fetus right ventricle.
